This paper reports the corrosion resistant and cytocompatible properties of the hyaluronic acid-silane coating on AZ31 Mg alloy. In this study, the osteoinductive properties of high molecular weight hyaluronic acid (HA, 1-4 MDa) and the corrosion protection of silane coatings were incorporated as a composite coating on biodegradable AZ31 Mg alloy for orthopaedic applications. The multi-step fabrication of coatings first involved dip coating of a passivated AZ31 Mg alloy with a methyltriethoxysilane-tetraethoxysilane sol-gel to deposit a dense, cross-linked and corrosion resistant silane coating (AZ31-MT). The second step was to create an amine-functionalised surface by treating coated alloy with 3-aminopropyl-triethoxy silane (AZ31-MT-A) which facilitated the immobilisation of HA via EDC-NHS coupling reactions at two different concentrations i.e 1 mg.ml −1 (AZ31-MT-A-HA1) and 2 mg.ml −1 (AZ31-MT-A-HA2). These coatings were characterised by Fourier transform infrared spectroscopy, atomic force microscopy and static contact angle measurements which confirmed the successful assembly of the full coatings onto AZ31 Mg alloy. The influence of HA-silane coating on the corrosion of Mg alloy was investigated by electrical impedance spectroscopy and long-term immersion studies measurements in HEPES buffered DMEM. The results showed an enhanced corrosion resistance of HA functionalised silane coated AZ31 substrate over the uncoated equivalent alloy. Furthermore, the cytocompatibility of MC3T3-E1 osteoblasts was evaluated on HAcoated AZ31-MT-A substrates by live-dead staining, quantification of total cellular DNA content, scanning electron microscope and alkaline phosphatase activity. The results showed HA concentration-dependent improvement of osteoblast cellular response in terms of enhanced cell adhesion, proliferation and differentiation. These findings hold great promise in employing such biomimetic multifunctional coatings to improve the corrosion resistance and cytocompatibility of biodegradable Mg-based alloy for orthopaedic applications.
Fourier transform infrared spectroscopy, atomic force microscopy and static contact angle measurements which confirmed the successful assembly of the full coatings onto AZ31 Mg alloy. The influence of HA-silane coating on the corrosion of Mg alloy was investigated by electrical impedance spectroscopy and long-term immersion studies measurements in HEPES buffered DMEM. The results showed an enhanced corrosion resistance of HA functionalised silane coated AZ31 substrate over the uncoated equivalent alloy. Furthermore, the cytocompatibility of MC3T3-E1 osteoblasts was evaluated on HAcoated AZ31-MT-A substrates by live-dead staining, quantification of total cellular DNA content, scanning electron microscope and alkaline phosphatase activity. The results showed HA concentration-dependent improvement of osteoblast cellular response in terms of enhanced cell adhesion, proliferation and differentiation. These findings hold great promise in employing such biomimetic multifunctional coatings to improve the corrosion resistance and cytocompatibility of biodegradable Mg-based alloy for orthopaedic applications.
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Introduction
The most widely used metals for orthopaedic implants are stainless steel, titanium and its alloys due to their strength and chemical inertness [1] . Due to these physical features, the mechanical properties of these metals mismatch with the natural bone and several complications such as an inflammatory response, physical irritation or stress shielding may occur after surgery [1] . As an alternative, biodegradable metals have received great interest due to their ability to provide structural support for an initial period following insertion. Following a suitable dwell time, during which the body recovers, the implant begins to degrade, resulting in a strengthened bone structure. Magnesium (Mg) based biodegradable alloys have such osteoinductive properties in combination with excellent physical and mechanical properties [2] . These properties make Mg-based alloys suitable for the fixation of bone fractures through plates, rods, and screws. To date, the major difficulty hampering their clinical application is the rapid degradation in physiological conditions [3] . This results in the elevated evolution of hydrogen gas which leads to inflammation, especially during the early stages of implantation [3] .
Several approaches have been investigated to control the degradation of Mg alloys and improve the biocompatibility. Generally, the selective use of alloying elements has improved the mechanical and corrosion resistance properties of Mg alloys [4] . However, alloying elements may cause potential cellular toxicities. Alternatively, surface modifications such as micro-arc oxidation and ion implantation have been studied as potential methods to improve the corrosion resistance of Mg alloy [5] . However, these surface modifications are unable to resist long-term corrosion protection under in vivo conditions [5] . Therefore, surface coatings are now being investigated as an effective approach with the potential to improve the corrosion resistance and biocompatibility of Mg alloys.
Amongst surface coatings, organosilane-based chemistry has been widely employed due to their chemical stability and effective corrosion protection on lightweight metals [6] .
Organosilanes possess functional organic and hydrolysable alkoxy groups [7] . Upon hydrolysis, the alkoxy group leaves through an S N 1 reaction producing a silanol group (Si-OH), which can form thermally and chemically stable Si-O-M bonds with the metal surface via OH-activated metal surface (M-OH) [7] . Further condensation reactions of silanol groups form a dense network of Si-O-Si-siloxane bonds, interpenetrated with the respective organic groups. Another advantage of functional silanes (e.g, free amine group) is the ability to engage with other chemistries and further modify the surface.
The effectiveness of an orthopaedic implant in restoring damaged bone is determined by the bone-implant interaction which is characterised by the tight bond between the implant and bone surfaces, thereby minimising the risk of implant loosening over time [8] . In order to enhance the biological acceptance of orthopaedic implants, functionalisation of extracellular matrix (ECM) components has been widely employed. Hyaluronic acid (HA) is one of the major components of the extracellular matrix which is involved in cell adhesion, proliferation and differentiation. In previous studies, HA immobilised on the substrates (e.g., titanium) has not been reported as an effective inducer of osteoblastic activity [9, 10] . Moreover, the rationality of employing HA of different molecular weights for surface modification has not yet been considered. According to Zhao et al. the osteoinductive activity of bone-related cells increases in response to the high molecular weight of HA [11] . Therefore, it is important to consider the molecular weight of HA to modify the surface for different applications.
In this study, the aim is to develop a coating system where HA is bound via silane surface to deliver a corrosion resistance and cytocompatible coating on AZ31 Mg alloy for orthopaedic applications. Therefore, the functionalisation of high molecular weight HA with silanes coated on the biodegradable AZ31 Mg alloy is proposed the first time in the present work. The silanes involve an initial MTES-TEOS treatment, followed by APTES deliver an amine terminated surface which can be coupled to HA through EDC-NHS coupling reactions. The corrosion resistance of the coated surface was evaluated in HEPES modified DMEM. Furthermore, the effect of HA on the osteoblast cellular response was evaluated. 
Experimental
Surface modifications of AZ31 Mg alloy
Treatment of AZ31 with NaOH
AZ31 Mg alloy 2 mm thick sheets were cut into 10 × 10 mm or 20 × 20 mm pieces and polished progressively by finer SiC paper from 400 to 1200 grit. The samples were cleaned ultrasonically in acetone and immersed in 5 N NaOH for 2 h at 60°C and then cleaned with deionised water [12] . These hydroxide-treated AZ31 are referred to as AZ31-OH. . The AZ31-OH substrates were dipcoated sequentially in MTES-TEOS (AZ31-MT) and APTES sol-gels and cured at 120°C for 1 h at each step to achieve the amine-terminated AZ31-MT-A substrates. Furthermore, high molecular weight HA was functionalised onto AZ31-MT-A by a carbodiimide-mediated coupling reaction as detailed in the previous study [13] . The final concentrations of HA used to functionalised with AZ31-MT-A samples are 1 and 2 mg.ml −1 with the resultant samples are denoted as AZ31-MT-A-HA1 and AZ31-MT-A-HA2 respectively. The effective concentration of HA immobilised on the surface was determined by the MorganElson fluorometric enzyme assay [14] . The AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates were exposed to the hyaluronidase enzyme for an appropriate time at 37.5°C. 
Characterisation of AZ31 modified samples
All modified (AZ31-OH, AZ31-MT, AZ31-MT-A AZ31-MT-A-HA1 and AZ31-MT-A-HA2) and bare AZ31 substrates were investigated using attenuated total reflection infrared spectroscopy (ATR-IR) (Perkin Elmer spotlight 400 N, USA). The wettability of the samples was determined by static water contact angle measurements (FTÅ-200 system, UK). The surface morphology of coatings was studied by scanning electron microscope (Hitachi SU-70 FESEM (YK) with EDX and WDX elemental analysis) operating at 5.0 kV and an atomic force microscope (AFM, Asylum MFP-3D-BIO, USA). The chemical compositions of the coatings were studied using energydispersive X-ray spectroscopy (EDX, Oxford Instruments).
Electrochemical corrosion measurements
All in vitro Mg alloy degradation tests were performed at 37 ± 0.5°C in HEPES-buffered DMEM (15 mM HEPES). Electrochemical measurements were carried out by using Solartron 1255B potentiostat and 1287 frequency analyser equipped with a standard three-electrode setup. The cell comprised a saturated calomel electrode (SCE) as the reference electrode, a platinum mesh auxiliary electrode and the test sample (with 1 cm 2 exposed area) as the working electrode. Electrochemical impedance spectra (EIS) of all samples were collected over a frequency range of 100 KHz to 0.01 Hz at the measured open circuit potential with AC amplitude of 10 mV. A stable open circuit potential was established prior to conducting the electrochemical measurements.
Immersion experiment, pH changes and H 2 gas evolution measurement
In order to determine the corrosion rate of the samples in the simulated medium, the silane coated and uncoated AZ31 substrates were immersed in HEPES buffered DMEM with a surface-to-volume ratio of 20 ml. cm −2 at 37 ± 0.5°C for 21 days [15] . The pH value (Thermo-scientific Orion 3 Star pH meter) of DMEM was monitored for 21 days. The release of Mg 2+ ions in DMEM during this period was determined by an inductively coupled plasma optical emission spectrometer (Varian Liberty150, ICP-OES) [12] . The immersion medium was refreshed every second day to maintain a continuous challenge to the sample surface. The changes in the surface morphology and the composition of the coated AZ31-MT-A substrate after 7, 14 and 21 days were determined by SEM-EDX.
The rate of H 2 gas release was monitored by placing the samples in HEPES buffered DMEM at 37 ± 0.5°C under an inverted funnel connected to graduated burette and measuring the medium level within the burette for upto 10 days. The ratio of the surface area-to-volume of DMEM was kept constant at 10 cm 2 . L −1 [16] .
Cytocompatibility
Live/dead cell staining
The murine osteoblast cell line (MC3T3-E1) (ATCC® CRL-2593™, LGC standard) was used for cytocompatibility studies. Cells were cultured under 37°C, 5% CO 2 and 95% relative humidity in DMEM/F-12 containing 10% FBS and 1% penicillin and streptomycin. Cells were seeded (10 4 cells.cm −2 ) on HA functionalised AZ31-MT-A coated and uncoated AZ31 substrates and maintained in complete DMEM/F12 (1 cm 2 = 1.25 ml) in accordance to ISO 10993-12 [17] for 1 and 3 days before the live-dead staining was performed. Calcein AM (eBioscience 65-0853) and propidium iodide (eBioscience 00-6990) were dissolved in DMSO (1 mg/ml) and used at 1:500 ratio in complete DMEM/F12. Cells cultured on the experimental substrates (10 × 10 mm) were washed with PBS and incubated with fluorescent dyes for 20 min at 37°C. After incubation cells were rinsed with PBS and imaged using an Olympus IX83 epifluorescence microscope fitted with a 10X objective.
Cellular morphology imaging by SEM
The morphology of osteoblast cells seeded at a density of 10 4 cells. cm −2 on the experimental substrates was observed after 1 and 3 days of culture [17] . Cell culture conditions were maintained as described earlier. After incubation, the substrates were washed with PBS, fixed with 4% v/v formaldehyde and dehydrated in alcohol gradients. The substrates were sputter coated with Au-Pd and observed by SEM.
DNA quantification
The total cellular DNA content levels of MC3T3E1 osteoblast cells was determined as a measure of cell proliferation [12] . Cells were cultured on the coated and uncoated AZ31 substrates at a density of 2.5 × 10 4 cells.cm −2 for 3, 7 and 14 days in a differentiation medium. The differentiation medium was prepared by adding 50 µM ascorbic acid, 100 nM dexamethasone and 10 mM β-glycerophosphate in F12/ DMEM [12] . After 3, 7 and 14 days of culture, substrates were washed with PBS and the cells were lysed using cell lysis buffer. The fluorescent dye, Hoechst 33258 (SigmaAldrich) was used to quantify the cellular DNA according to the manufacturer's instructions (DNA quantification kit, Sigma-Aldrich).
Alkaline phosphatase (ALP) assay
The differentiation of osteoblast cells was studied by measuring intracellular ALP activity using a para-nitrophenyl phosphate substrate (p-NPP, Sigma) [18] . After 3, 7 and 14 days the cells were cultured in the differentiation medium, and the cell lysate was incubated with p-NPP for 1 h at 37°C. The enzymatic reaction was terminated by adding 1 N NaOH and the ALP activity was measured by the UV absorbance of para-nitrophenol (p-NP) at 410 nm. A standard curve of different p-NP concentrations was prepared by diluting in 0.02 N NaOH. The p-NP was normalised against total protein concentration. The total protein content was determined by using the bicinchoninic acid protein assay kit (Sigma-Aldrich).
Statistical analysis
All of the experiments were conducted in triplicate. All data are expressed as mean ± SD. The differences between the groups were analysed using one-way analysis of variance (ANOVA) followed by post hoc Tukey test. Statistically significance was considered at p < 0.05.
Results and discussion
Characterisation of AZ31 modified surface
In order to bond with the silane coating, the AZ31 surface was passivated with NaOH to produce surface hydroxy groups. The AZ31-OH was sequentially treated with hydrolysed MTES-TEOS and APTES sols to prepare a two-layer silane coating through siloxane bond formation. Following exposure of the MTES-TEOS sol, the ATR-IR spectrum ( Fig. 1) shows bands around 3694, 1045-1127 and 1270 cm −1 which are attributed to -OH groups (Fig.   1b) , Si-O asymmetric stretching of -Si-O-Si-and Si-CH 3 ( Fig. 1c) of MTES respectively [7] . Subsequent coating with APTES increases the intensity of -Si-O-Si-band with the emergence of new bands at 1570, 3295 and 3368 cm −1 (Fig. 1d ) which are associated with asymmetric and symmetric stretching modes of NH 2 group, respectively [7, 19] . The amino silane surface was then functionalised with HA through EDC-NHS coupling reactions at increasing concentrations. The effective concentrations of the bound HA obtained from Morgan-Elson assay for AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates were found to be 45.45 ± 0.05 µg.cm 2 and 66.77 ± 0.25 µg.cm 2 respectively. The amide I (a shoulder band), amide-II band and stretching vibrations of carboxylate C=O of HA are indicated at 1670 cm −1 (Figs. 1g-3 ), 1540 cm −1 (Figs. 1g-2 ) and Figure) . Moreover, the carbonyl HA band (Figs. 1g-1 ) and APTES amine band (Figs. 1d-4 ) cannot be observed in the resultant spectra indicating successful coupling at the surface. Furthermore, AFM was used to observe the topography of surface modifications as shown in Fig. 2 . The surface roughness (R a ) of the AZ31 and AZ31-OH substrates is 74.5 ± 8.2 nm and 62.2 ± 3.9 nm, respectively. The R a values of AZ31-MT and AZ31-MT-A coated surface were found to be 43.1 ± 0.5 nm and 45.7 ± 0.82 nm respectively. The R a values then decreased considerably for AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates to 4.86 ± 0.07 nm and 7.84 ± 0.39 nm, respectively, significantly lower than the bare AZ31 alloy alone. The fibrils pattern of HA can be observed which likely results from drying induced aggregation of HA chains [21] .
The effect of surface modifications also changes the wettability of the surfaces as shown in Fig. S1 . Compared to the AZ31 alloy, the water contact angle showed significant changes after every step of modification (passivation treatment and silane). After HA functionalisation, the AZ31-MT-A-HA1 and AZ31-MT-A-HA2 showed a significant decrease in contact angle having values 43.4°± 1.4 and 41.3°± 6.3 respectively when compared to the AZ31 alone.
In vitro corrosion and degradation studies
Electrochemical impedance spectroscopy
The EIS data for uncoated and coated AZ31 substrates are shown in Fig. 3a . The impedance (|Z| 0.01Hz ) increased gradually with every step of the silane coating. When compared to the AZ31 alloy, the impedance of AZ31-MT-A increased by nearly two orders of magnitude, indicating an effective protection of AZ31 alloy. Although |Z| 0.01 Hz decreased for AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates, it is still higher than the AZ31 substrate. The analysis of EIS spectra was performed based on the proposed electrical equivalent circuits (EEC) as depicted in Fig.  3b which fit best with the experimental data and parameters are given in Table 1 .
Bodes phase angle plots for all coated substrates are characterised by high and low frequencies time constants which correspond to the response of charge transfer and mass diffusion-controlled reactions respectively. The AZ31 and AZ31-OH substrates are also characterised by two capacitive responses at higher and medium frequencies with an additional inductance at low frequency (<0.1 Hz). The inductance is related to adsorbed intermediate species during corrosion [22, 23] . The EEC consists of a solution resistance R s , a constant phase element of electrolyte/coating layer (CPE coat (Q coat )) and a double electrical layer presence in the metal/coating (CPE dl (Q dl )) interfaces (as Fig. 3 Bode plots of (a) AZ31 alone, AZ3-OH, AZ31-MT, AZ31-MT-A, AZ31-MT-A-HA1 and AZ31-MT-A-HA2 surfaces, and (b) equivalent circuits used to fit experimental data; coated and uncoated (AZ31 and AZ31-OH substrates) seen under non-ideal conditions). R coat and R ct are the coating and charge transfer resistances respectively. The R L and L represent the inductive resistance and inductance respectively for AZ31 and AZ31-OH substrates (data not shown). The EECs were selected based on the available literature for the corrosion of uncoated and coated Mg alloys [9, 24] .
As shown in Table 1 , R coat and R ct gradually increased for AZ31-MT and AZ31-MT-A substrates before decreasing for the HA modified surfaces. R ct which is a measure of corrosion resistance of coated AZ31 substrates suggests a considerable increase in corrosion resistance for AZ31-MT-A substrate (57 KΩ.cm 2 ) as compared to other modified substrates and bare AZ31 alloy (575 Ω.cm 2 ). Similarly, the coating capacitance (CPE coat and CPE dl ) for the AZ31-MT-A substrate is lowest amongst all tested samples, implying that the corrosion activity of the AZ31-MT-A substrate is substantially decreased. This improved corrosion resistance of AZ31-MT-A substrate in buffered DMEM can be attributed to physical barrier performance of the siloxane coating network to electrolyte penetration [12] . This results in the retarding of anodic dissolution reactions and preventing the mass transport of Mg 2+ ions and H 2 gas release [7, 12] . In a previous report, γ-APS-BTSE treated AZ31 alloy showed lower corrosion resistance than the present AZ31-MT-A model [25] . In comparison to the AZ31-MT-A substrate, immobilisation of HA on AZ31-MT-A reduced the corrosion resistance of AZ31 Mg alloy in a concentration-dependent manner ( Table 1 ). The corrosion resistance of AZ31-MT-A-HA1 was found to be greater than the AZ31-MT-A-HA2 substrate. This may be due to the silane coating saturated with the electrolyte (MES buffer, pH 5.5) during the covalent coupling reaction [25] . This hinders the physical barrier function to resist electrolyte penetration. Moreover, it is known that HA modifications have been used to impart the surface hydrophilicity due to its excellent water absorption properties [24] . Therefore, the overall increase in the corrosion resistance of AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates in comparison to the uncoated AZ31 alloy can be attributed to the corrosion resistant property of the silane component of the coating. Since HA functionalisation failed to offer any corrosion resistance, further degradation studies have been performed with the corrosion resistant AZ31-MT-A substrate with the uncoated AZ31 control.
Immersion experiment, pH changes, and H 2 evolution studies
The Mg 2+ ion release rate, pH change and evolution of H 2 gas from the coated AZ31-MT-A and uncoated AZ31 substrates aged in HEPES buffered DMEM for 21 and 10 days respectively are shown in Fig. 4a . The AZ31-MT-A substrate showed a very slow and steady release of Mg 2+ ions which was~8 fold (0.0015 mM/hr) lower as compared to uncoated AZ31 alloy (0.013 mM/hr) until day 9. For the remaining immersion period, the concentration of Mg 2+ in the medium decreased thereafter to~2.5 fold (0.001 mM/hr) lower than the uncoated AZ31 equivalents (0.003 mM/hr). This occurs mainly due to the decrease in the Mg 2+ ion release rate from the uncoated AZ31 alloy. These results would confirm that the controlled degradation of coated AZ31 Mg alloy, especially during the initial period, plays an important role in maintaining physiological conditions required for bone healing.
Furthermore, the pH change of HEPES buffered DMEM containing uncoated and AZ31-MT-A coated substrates for 21 days showed that the AZ31-MT-A substrate was less alkaline as compared to the uncoated AZ31 alloy. The pH of the AZ31-MT-A substrate increases gradually until day 9 (pH 8.19 ± 0.03) and remains unchanged for the remaining immersion time (pH 8.23 ± 0.05), whereas AZ31 alloy exhibits a sudden increase in pH until day 9 (pH 8.43 ± 0.04) and then stabilises for the remaining period (pH 8.49 ± 0.05).
The rate of hydrogen gas evolution was measured from AZ31 and AZ31-MT-A substrates in HEPES buffered DMEM for 10 days. The coated substrate released less H 2 gas over 10 days (from 0.045 ml/h to 0.019 ml/h) when compared to uncoated AZ31 (from 0.22 ml/h to 0.055 ml/h). Therefore, the coated AZ31-MT-A surface displayed superior performance (in terms of pH change, H 2 and Mg 2+ ions release) when compared to the uncoated AZ31 substrate. The difference was especially apparent during the early period of immersion.
Furthermore, the surface profile of the AZ31-MT-A substrate in buffered DMEM for different times was evaluated by SEM-EDX as illustrated in Fig. 4b . The coated substrate shows increasing crack incidence over time and evidence of corrosion debris. The EDX mapping and elements quantification (inset tables) of the aged coated substrate are rich in carbon (C), calcium (Ca), oxygen (O) and phosphate (P). A protective layer containing a relatively high content of O, C, Ca and P deposits were observed on the coated substrate immersed over a period of 21 days. In addition, a weak signal of Si observed on day 21, which indicates the degradation of the silane coating.
The possible reasons for the crack formation and increased deposition of corrosion by-products on the coated AZ31 alloy with the immersion time include electrolyte penetration into the coating and subsequent corrosion of the underlying passivated AZ31 alloy with the release of Mg 2+ ions at the site of corrosion [26] . This results in the degradation of the silane coating over a period of time. However, the complete degradation of the silane coating has not been observed (Si EDX mapping), reflecting the stability of the coating. Generally, hydroxide passivated AZ31 surface is unable to provide long-term corrosion resistance in the chloride-rich environment [27] . This leads to the efflux of Mg 2+ ions from the cracks which react with water to form an alkaline environment and produces Mg (OH) 2 and H 2 gas [5] . The overall (anodic and cathodic) reaction as given below:
The evolution of H 2 gas reduces the coating stability, which enhances electrolyte penetration through the coating, thereby promoting further corrosion. However, increases in pH of the medium induce the formation of a protective precipitate of Ca-P and Mg(OH) 2 at the alloy surface, thereby reducing the degradation of Mg alloy [12] . This results in the reduced Mg 2+ ion release rate, H 2 gas release and pH change especially during the later stage of immersion period as observed for both coated and uncoated substrates (Fig. 4a) . Previous reports also showed that the passivation layer formed during the corrosion process reduced the degradation rate of Mg alloys in vitro [9] . This controlled degradation of coated AZ31-MT-A substrate could be attributed to the coating stability and in situ formation of protective degradation layers, helping maintain conditions required for osteoblast cell growth.
Cytocompatibility studies
For cytocompatibility studies, HA was functionalised onto the AZ31-MT-A substrate to develop a biocompatible and osteoinductive surface. The live-dead staining of MC3T3-E1 osteoblast cells cultured on AZ31, AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates for day 1 and 3 can be seen in Fig. 5a . For both time points, the AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates showed the HA concentration-dependent increase in live cell density (green fluorescence) with very few dead cells (red fluorescence) as compared to uncoated AZ31 alloy, indicating an enhanced cell adhesion and proliferation of osteoblast cells on HA coated AZ31-MT-A substrates.
The SEM images of the fixed osteoblast cells on HA coated AZ31-MT-A and uncoated AZ31 substrates on day 1 and 3 can be seen in Fig. 5b . The cells attached to the uncoated AZ31 substrate on day 1 and 3 are sparse and circular in shape (indicated by white arrows), indicating very poor adhesion to the substrate. On the other hand, osteoblast cells on AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates displayed more flattened spread morphology, indicating good osteoblast cell attachment. These results suggested that HA coated surfaces facilitate greater adhesion of osteoblast cells.
The total DNA content of osteoblasts cultured on uncoated and coated AZ31 substrates was quantified over a period of 14 days as shown in Fig. 6a . The low DNA content on day 3 confirmed that very few cells attached initially on the AZ31 surface. This was expected due to the rapid degradation of AZ31 alloy in HEPES-DMEM [27] . On the other hand, 4 fold increase in DNA content was observed for the HA-coated surfaces on day 3, indicating that such a coating favours osteoblast cell attachment. On HA coated surfaces, adhered cells showed significant proliferation (p < 0.01) between 7 and 14 days as compared to the AZ31 alone. These results were also consistent with the live-dead images of osteoblast cells. However, the proliferation of osteoblasts on AZ31-MT-A-HA2 showed an insignificant increase when compared to the AZ31-MT-A-HA1 substrate at the end of the culture period.
The ALP activity of osteoblast cells cultured on AZ31 alone, AZ31-MT-A-HA1 and AZ31-MT-A-HA2 substrates for 14 days is presented in Fig. 6b . Osteoblasts cultured on HA functionalised substrates displayed significantly higher ALP expression (p < 0.01) when compared to the uncoated AZ31 alloy over a culture duration of 14 days. However, increase in the ALP expression is insignificant for both the HA functionalised surfaces. Therefore, the AZ31-MT-A-HA1 substrate can be considered more efficient in terms of osteoblast response, as it enhanced the osteoblasts proliferation and differentiation significantly at a lower concentration of immobilised HA over uncoated AZ31 substrate. ALP is one of the most widely used early stage marker of osteoblast differentiation, which participates in ECM mineralisation [10] . HA is one of the major ECM component of many cells including osteoblast cells which regulates cell adhesion, proliferation and expression of osteoinductive factors including ALP [28] . However, very few reports evaluated cell adhesion, proliferation and differentiation ability of HA functionalisation on various metal substrates. Chua et al. showed the poor adhesion of osteoblasts on HA modified Ti samples as compared to the chitosan/HA or chitosan/HA/RGD peptides functionalised Ti surface [29] . Similarly, Hu et al. also reported poor adhesion and proliferation of osteoblasts on hyaluronic acid-catechol functionalised on Ti surface (Ti-HAC) as compared to the Ti-HAC-VEGF and Ti-CMC-VEGF [30] . However, no details about the molecular weight of HA were furnished in these studies [29, 30] . On the contrary, the present study demonstrated remarkable osteoblast cell adhesion, proliferation and differentiation on HA functionalised AZ31 substrates. Zhao et al. studied the hyaluronic acid molecular weight dependent differentiation of rBMSCs [11] . It has been reported that high molecular weight HA promoted bone-related cells proliferation and differentiation [11] . The enhanced osteogenic differentiation of osteoblast cells on HA coated AZ31 substrate could be attributed to the immobilisation of high molecular weight HA.
Conclusion
In the present work, a multilayered hyaluronic acid functionalised silane coating on AZ31 Mg alloy was fabricated successfully. Electrochemical corrosion study demonstrated that the silane component of the coating significantly improved the corrosion resistance of the AZ31-MT-A-HA1/ HA2 substrates and an overall increase in the corrosion resistance was observed for AZ31-MT-A-HA1 substrate when compared to the AZ31-MT-A-HA2 and uncoated AZ31 substrates. Furthermore, immersion studies showed that stability of the silane coating as well as in situ formations of passivation layer played an important role in the controlled degradation of the coated AZ31 Mg alloy, thereby keeping the conditions necessary for the growth of osteoblasts. Amongst HA (high molecular weight) functionalised AZ31-MT-A substrates, AZ31-MT-A-HA1 efficiently enhanced the cytocompatibility over uncoated AZ31 Mg alloy, as demonstrated by a significant increase in the proliferation and differentiation of osteoblast cells. Collectively, these results demonstrated that the proposed strategy to develop a multifunctional coating which can improve the corrosion resistance and cytocompatibility of AZ31 Mg alloy would be highly desirable for orthopaedic applications.
